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INTRODUCTION
The objective of this project is to design, build and evaluate a compact and mobile camera for gamma and positron imaging.
This imaging device has several advantages over conventional systems: (1) improved spatial resolution and sensitivity due to greater flexibility in positioning with respect to the target organ, (2) the ability to image patients who cannot be transported to a radiology suite, (3) the potential for improved cost effectiveness for organspecific imaging tasks compared with larger, general purpose imaging systems. The basic performance of this unique imaging device was evaluated using physical phantoms, and the results of this evaluation are provided in this report. Additional effort during the past year has focused on the preparation of the human subjects research protocol in anticipation of the further evaluation of this imaging system on clinical patients.
One of the two detectors in the original system design was extensively damaged during shipping. The circumstances during shipping indicate that there was gross negligence by United Parcel Service (UPS) in its material handling, and UF is currently pursuing legal efforts to hold UPS monetarily accountable. These events have not impeded us from achieving the aims of this project. As a result, we have focused our imaging approach to operate in single photon detection mode, which requires the use of only one detector.
BODY

System Assembly and Mechanical Performance Evaluation (tasks 12-13 of Project Timeline in Appendix 1)
The electro-mechanical gantry allows the detectors to be transported within a hospital and has been designed for precise positioning of the detectors with respect to the patient. The gantry system has been designed to position the detectors for PET or SPECT acquisition under the challenging conditions of the bedside environment. Low profile legs slide beneath ICU beds for stable support. The detectors mount to the rails of a linear bearing set that allows precise horizontal detector motion. Vertical detector motion is motor-driven using electronic motion control modules. Detector pivoting provides the additional, necessary motion dimension. The linear motions and pivot angle are digitally encoded for input to the reconstruction software. In PET mode, the detectors assume a 180 deg. opposing orientation; in SPECT mode, the two detectors can assume a variable angle orientation (90-180 deg.) and orbit the anterior of the patient.
The detectors were delivered to UF from Jefferson Lab in April 2007, and an evaluation of the mechanical capabilities of the system with detectors mounted has been performed. The added weight of the detectors has not impeded the mechanical performance of the system. As shown in Fig. 1 , the gantry can position the detectors in an anterior/posterior, lateral or both anterior orientations. This work, including an initial imaging performance evaluation, was accepted for presentation at the 2007 IEEE Medical Imaging Conference and is included in this report in Appendix 2. 
Imaging Performance Evaluation with Phantoms (tasks 14-15)
The basic imaging performance of the integrated system has been performed. This work has been accepted for presentation at the 2007 IEEE Nuclear Science Symposium and Medical Imaging Conference. A copy of the conference paper has been included in this report as Appendix 2. A summary of this paper is presented here.
The basic imaging performance metrics that were measured include energy resolution, spatial resolution, system sensitivity, and count rate capability. These measurements were performed using both Tc-99m (140 keV photon energy) and F-18 (511 keV). This system has been designed to satisfactorily imaged tracers at both of these photon energies.
Energy Resolution. The results of the energy resolution measurements are shown in Fig.  2 . The measured % full-width-at-half-maximum (FWHM) was found to be %42 for 140 keV and 23% for 511 keV. Spatial Resolution. Using a 1 mm slit phantom, the measured intrinsic (without collimator) spatial resolution was 0.59 cm FWHM. The system (with collimator) spatial resolution was measured for 140 keV and 511 keV using low energy and high energy collimators, respectively. A line source, consisting of a capillary tube filled with Tc-99m or F-18 solution, was imaged at 10, 20 and 30 cm from the collimator face. From these images, profiles were obtained perpendicular to the line to generate the line spread functions (LSF's). These are shown in Fig.  3 . The LSF's from 511 keV data demonstrate "tails" in the distribution due to collimator septa penetration of the high energy photons. In order to reduce the impact of these tails on the FWHM measurement, a constant that approximated the height of the tails was subtracted from the distributions before the FWHM measurement. These system spatial resolution results are summarized in Table I . As the table indicates, a reasonable agreement has been found between the theoretical and measured spatial resolution for 14 keV and 511 keV (with subtraction). System Sensitivity. Using calibrated point source acquisitions, the system sensitivity for Tc-99m was found to be 3.1 counts per second per μCi and for F-18 was found to be 0.48 counts per second per μCi. The sensitivity measurement for F-18 used a region-of-interest that excluded the uncollimated detected counts.
Count Rate Capability. The maximum measured count rate of the detector was 1.56 x 10 5 counts per second for 511 keV (at 275 μCi of activity) and 1.46 x 10 5 counts per second for 140 keV (at 135 μCi of activity).
Establish Human Subjects Research Protocol (tasks 16-17)
We have prepared a draft of a Human Subjects Research Protocol in anticipation of the further evaluation of this imaging system on clinical patients. This protocol will first be reviewed by the Regulatory Compliance Specialist at TATRC and will then be submitting to the local Institutional Review Board at the University of Florida. A copy of this draft protocol is included in Appendix 4 of this report. 
KEY RESEARCH ACCOMPLISHMENTS
CONCLUSIONS
During the past year, we have made progress as follows: delivery of the detectors Jefferson Lab to University of Florida, mechanical and electrical integration of the detectors with the system gantry, mechanical performance evaluation of the integrated system, and basic imaging performance of the system. The integrated system demonstrated the ability to position the detectors for effective tomographic imaging in positron emission tomography (PET) or single photon emission computed tomography (SPECT).
The results of the basic imaging performance showed a reasonable match between the predicted and measured performance. Future work will involve an extended performance evaluation using anthropomorphic phantoms and tomographic image acquisitions.
The medical benefits that this device will bring promise to be substantial, not only for the military health care system but also for health care of the general population. This device will be capable of delivering critical diagnostic imaging (PET and SPECT) to patients who otherwise cannot benefit from these technologies. Also, this device potentially can be a cost effective alternative to conventional PET systems for cardiac imaging. Finally, with the accelerated growth in the development of imaging agents for PET and SPECT, there will be a greater need for novel and dedicated imaging devices, such as the device developed in this project.
APPENDICES
The following appendices are included as attachments to this report: 
I. INTRODUCTION
he ability to bring an anatomical imaging system (mobile radiographic system or mobile C-arm fluoroscope) to a patient rather than the patient to the imaging system is commonplace in clinical radiology today. The University of Florida has developed an imaging system that allows functional imaging (SPECT and PET) to be brought to the patients who cannot be transported to a traditional facility. This mobile gantry system has been designed to position the detectors for PET or SPECT acquisition under the challenging conditions of the bedside environment. The company Segami Inc. does market a portable cardiac SPECT scanner, but it requires that the patient is seated [1] .
The system consists of two compact detectors, each with approximately 25 25 cm 2 detector areas, mounted on a mobile gantry system with a detachable computer and electronics rack (Fig. 1) (5 mm 5 mm 12.5 mm with 5.5 mm pitch). The photomultiplier tube readout uses position-sensitive PMTs with high-rate four analog outputs and arranged in a 4 4 array for each detector to form the 25 25 cm 2 active detector area. The gantry system includes low profile legs that slide beneath ICU beds for stable support. The detectors mount to the rails of a linear bearing set that allows precise horizontal detector motion. Vertical detector motion is motor-driven using electronic motion control modules. Detector pivoting provides the additional, necessary motion dimension for tomographic imaging. The linear motions and pivot angle are digitally encoded for input to the reconstruction software. In PET mode, the detectors assume an 180˚ opposing orientation and in SPECT mode, a single detector can assume any angular orientation and orbit the anterior of the patient (Fig. 1) .
This paper reports on the performance evaluation of this imaging system operated in single photon detection mode for both 140 keV (Tc-99m) or 511 keV (F-18). The 511 keV SPECT approach, using a high energy collimator, has advantages over coincidence imaging because use with only one head allows for many more anterior projection angles to be obtained than with the detectors in the coincidence orientation since there is no need to orient a camera underneath the bed. Also, since the SPECT acquisition is performed anteriorly, this eliminates attenuation effects in the patient and the bed. Before any clinical images can be obtained the performance capabilities of these two modes of operation have to be quantified. 
II. METHODS
The four metrics evaluated for the mobile system were intrinsic energy resolution, planar and reconstructed SPECT spatial resolution, sensitivity, and count rate capability for both 140 keV and 511 keV imaging. Switching the system T between energies is done simply by adjusting the high voltage supplied to the photomultiplier tubes and by switching the collimator to low or high energy. The increased voltage is to maintain a linear relationship in the pulse height recorded by each photomultiplier tube. The different parameters between the high and low energy collimators are shown in Table I . 
A. Energy Resolution
The energy resolution of the system was measured intrinsically (without collimator) with a point source positioned 75 cm from the detector face and 1.0 10 7 total counts acquired for each source. Using this geometry, energy spectra of the point sources were obtained. A 120 μCi source of Tc-99m (140 keV gamma) was imaged at the low energy setting and a 240 μCi source of F-18 (511 keV gamma) was imaged at the high energy setting. These activities were low enough to ensure that the detector did not exceed the maximum count rate. The peak channel and the FWHM of each spectrum were measured.
To determine a keV•channel -1 calibration factor for each energy setting, a 5 μCi source of Co-57 (122 keV gamma) was imaged at the low energy setting and a 65 μCi source of Cs-137 (662 keV gamma) was imaged at the high energy setting. The peak channel for each of these sources was measured and a keV•channel -1 factor was obtained for each energy setting. This calibration factor was used to convert the measured energy resolution (FWHM) into keV units.
B. Spatial Resolution
The intrinsic planar spatial resolution of the system was measured using a 1 mm wide slit phantom. A 490 μCi Tc99m point source was positioned 75 cm from the detector face and 1 10 7 counts were obtained. Since almost all of the detector face was shielded, the count rate was not an issue.
The system planar spatial resolution at 140 keV and 511 keV was evaluated using line sources made of 1 mm diameter capillary tubes at distances of 10 cm, 20 cm, and 30 cm from the collimator face and oriented in both the X and Y directions. Profiles were taken across the images to obtain line spread functions (LSF) at each distance. 500 μCi of Tc99m and 200 μCi of F-18 were used to obtain 5.0 10 5 counts at each distance and the FWHM was measured. For the 511 keV case, the FWHM was measured both with and without subtracting a constant from the LSF to compensate for the tails in the distribution due to septal penetration. The constant was computed from the average intensity of twenty pixels not contained in the peak. The measured FWHM was reported by averaging the X and Y directions. These results were then compared to the theoretical FWHM calculated using the effective length of the collimator holes, the diameter of the holes, and the distance from of the collimator face [3] .
Uniformity correction was applied to all the images acquired for spatial resolution measurements. The image used to uniformity correct each acquisition was the flood image acquired for the energy resolution evaluation at each respective energy. A 40% energy window was used for the 140 keV image and a 25% energy window was used for the 511 keV image.
A SPECT acquisition was performed on a Tc-99m point source to measure the reconstructed spatial resolution of the system at 140 keV. 2.5 mCi of Tc-99m in a syringe (essentially a point source) was imaged with 19 projections (every 10˚ from 0˚-180˚) and 5 10 5 counts per projection. The Tc-99m in the syringe was centered in the field of view with a radius of rotation of 22 cm and a source-to-collimator distance of 15 cm. A filtered back-projection reconstruction algorithm with no smoothing filter was used to reconstruct the projections into a 45 45 45 voxel image. A profile was taken across a transaxial slice of the reconstructed image and from this, the FWHM was measured.
C. Sensitivity
The extrinsic system sensitivity in terms of counts•μCi
was evaluated using point sources of 240 μCi Tc-99m and 534 μCi F-18 suspended 30 cm from the collimator face. A 600 s acquisition with a 40% energy window for Tc-99m and a 25% energy window for F-18 was obtained of each source. For the 140 keV acquisition, the total number of counts in each pixel was summed to yield the total number of counts in the 600 s acquisition time. For the 511 keV acquisition, only a region of interest containing the source itself was summed to avoid counting events from septal penetration at the edge of the image. Using this data, the sensitivity of the detector at each energy setting was calculated.
D. Count Rate
The maximum intrinsic count rate was evaluated using 1.1 mCi F-18 and 535 μCi Tc-99m. Each source was suspended 30 cm from the detector face and 20 s acquisitions were obtained while the source decayed through several half lives. The number of counts per second (cps) minus the background was recorded at each time so the maximum count rate could be measured.
III. RESULTS
A. Energy Resolution
The energy spectrum from the Tc-99m and F-18 images can be seen in Fig. 2 . The measured FWHM was 108 channels for the F-18 spectrum and 189 channels for the Tc-99m spectrum. The energy resolution for each energy setting was calculated by multiplying the calibration factor (keV•channel -1 ) to the FWHM obtained from each respective energy spectrum. The resulting energy resolutions were 42% at 140 keV and 23% at 511 keV. Results show that 140 keV SPECT imaging is possible but the degradation in energy resolution is a concern that will have to be addressed by implementing a new voltage distribution to the photomultiplier tube array that brings the energy resolution closer to 25% at 140 keV.
B. Spatial Resolution
The intrinsic spatial resolution of the detector was measured to be 0.59 cm FWHM. The reported crystal pixel pitch was 0.55 cm. One point of consideration was that the slit position could have been directly over a single pixel or partially over two pixels. Further experiments will clarify this issue and provide a more exact measurement. Fig. 3 shows the normalized intrinsic LSF from the slit phantom. 5 shows the normalized LSF with the tails subtracted using the average pixel intensity from the tails (0.18). The measured FWHM of the LSF compared with theoretical values can be seen in Table II . Table II shows that the tails from septal penetration caused significant degradation in the measured FWHM. Subtraction of the tails resulted in less deviation from the theoretical mean. To prove that the image degradation was actually a result of septal penetration and not scatter from surrounding materials, a simulation was run using the GATE software package [4] , a front-end for the GEANT4 Monte Carlo simulation code [5] , with the same geometry as the point source sensitivity acquisition but with no scattering materials surrounding the crystal (PMTs, gantry, detector box, etc.). Fig. 6 shows the real image (A) and the simulated image (B). The tails in the profile from the simulated image show that the spread in the LSF resulted from septal penetration and not from scatter. An interesting observation is the difference in PSF and LSF at 511 keV. The height of the penetration tail is higher in the LSF due to the contribution of all parts of the line source to the tails. The point source does not have this extra source contribution and the tails only appear as a star pattern. 
C. Sensitivity
From the total counts obtained in each image, the extrinsic sensitivity was calculated to be 3.1 counts•μCi -1 •s -1 for Tc99m and 0.48 counts•μCi -1 •s -1 for F-18. The difference in sensitivity can be accounted for in two ways: the geometric sensitivity of the two collimators and the efficiency of the NaI crystal at each energy. The geometric sensitivity of the low energy collimator is two times higher than the high energy collimator and the linear attenuation coefficient of NaI at 140 keV is about 7.5 times higher than at 511 keV. These factors account for the much higher sensitivity of the system at 140 keV versus 511 keV.
D. Count Rate
The maximum intrinsic count rate of the detector was measured to be 1.56 10 5 cps at 511 keV and 1.46 10 5 cps at 140 keV. At this time of the maximum count rate, there was 275 μCi F-18 and 135 μCi Tc-99m present. The counting curves for 511 keV and 140 keV can be seen in Fig. 8 . The saturation of the detector occurred at a lower activity for Tc-99m because of the higher sensitivity of the detector at this energy. More events were accumulated at a lower activity than at 511 keV. As expected, the detector saturated at an activity higher than the activity at the time of maximum count rate. Also, the images and energy spectra were distorted in the high activity acquisitions due to the saturation of the detector. In these distorted images, the peaks of the energy spectra were spread out and shifted from the normal channel. This meant that at very high activities the performance of the detector was reduced. For the most accurate images, the count rate must be kept below the maximum value.
IV. CONCLUSIONS AND FUTURE WORK
This unique system is capable of performing bedside SPECT imaging at both 140 keV and at 511 keV. Modifications in the system need to be made to improve energy resolution at 140 keV but proof of concept has been attained. Future work will involve multi-angle SPECT acquisitions at 511 keV to determine the reconstructed spatial resolution.
Also, evaluation of the spatial resolution, sensitivity, count rate, and reconstructed spatial resolution of the PET capabilities of the system will also be part of ongoing research on this system. system that can be moved into the limited space in an emergency room or operating room. The company Segami, Inc. does market a portable cardiac SPECT system but requires the patient to be seated [1] . Our goal was not only to develop a high performance system in a compact mobile package, but to also build an economically practical PET imager. Our detector system is patterned after a dual planar PET detector design that others and us have implemented for breast imaging [2, 3 &4] . We have described earlier the basic design concept of our detector heads for the mobile PET system which are based on position sensitive photomultiplier tubes (PSPMTs) and initial technology testing which we will summarize here. [5, 6 & 7] The system utilizes a modular design of 16 detector modules based on the compact channel plate-based PSPMT. A total of 16 PSPMTs are used to form a detector head 25 cm x 25 cm in area. The analog signals from the PSPMT are readout and digitized using a JLab developed high rate FPGA based data acquisition ADC system. In Fig. 1 is a photograph of the two detector heads mounted in a mobile gantry at the University of Florida. 
T II. METHODS
Each detector head is composed of sixteen separate PSPMT detector modules. The basic PSPMT detector module is based on a Burle [8] 85002-800 four-pad microchannel plate-based position sensitive photomultiplier tube that provides four highrate analog outputs. Several PSPMTs in the first batch of Burle 85002-800 failed because of loss of vacuum. The manufacturer was able to modify their manufacturing process to deliver a more robust PSPMT. For each detector head we arrange 16 PSPMT units in which each PSPMT is spaced apart with a 1 cm gap resulting in a 4 x 4 array. Thus each detector head has a 25 cm x 25 cm field of view. Air coupled to the array of PSPMTs is a scintillation array (made by Saint-Gobain Crystals and Detectors [9] ) of 5 mm x 5 mm x 12.5 mm NaI(Tl) pixels spaced at 5.5 mm providing a total active area of approximately 25 cm x 25 cm. The pixels are optically separated by white reflective/ diffusive epoxy material. Please see Fig. 2 . A total of 64 analog outputs are therefore read per detector head thus requiring 128 ADC channels for the whole system. The fast pulse per detector head is formed by summing all 64 pads and producing a corresponding fast constant fraction discriminator trigger pulse for two-head coincidence requirement or single gamma imaging mode trigger. A special interconnect board collects pad signals from individual PSPMTs for transfer via cables to the DAQ system. The board also distributes individually adjusted high voltages (HVs) to each PSPMT module. The individual HV-PSPMT bias voltages are adjusted to assure that all PSPMT modules in the detector head have similar gain and signal response to the same initial energy deposited (511 keV).
To assure good optical coupling of scintillator pixels opposite the dead regions between the sparsely placed PSPMTs, an additional optical light-guide was added between the 5 mm glass window of the encapsulated NaI(Tl) array and PSPMTs. This light-guide is made of a high quality 20 mm thick UV acrylic plate. Light sharing between the detector modules is achieved by the use of the light-guide resulting in the "dead" regions between PSPMTs resulting in only a 45% drop in signal across the gap. To guarantee long-term optical coupling stability, only dry optical couplings were used between both windows and the PSPMTs. Please see Fig. 3 below for an example of the raw image acquired. We used a 22 Na point source to obtain the image. Fig. 3 . Example of a raw flood image from a fully illuminated detector head (with a 22Na source) after first-order gain uniformity correction (by adjusting HV biases of individual PMTs). Good pixel separation over the whole field-ofview is observed. Response non-uniformities are still evident because of remaining gain differences, dead regions between individual photomultipliers, and low granularity (~2.5 cm) of the PMT pad readout. See Fig.4 for individual energy spectra for the regions of interest for the single crystal elements indicated by white rectangles.
In Fig. 4 is shown the variation of gain and energy resolution across the array. As can be seen all crystal elements show good energy resolution of about 15-20% at the 511 keV photopeak confirming proper operation of the detector across all regions of the active surface. The range of amplitudes of about factor of 2 is observed after first-order adjustment of response uniformity.
To achieve high rate capability, each detector head is connected to a separate JLab developed 64 channel FPGA DAQ card [10] . This card is read out via a USB2 link to a separate data acquisition PC. Two data acquisition PCs, each used for one detector head, send the collected data files for processing to a next level "event builder" computer. Please see Fig. 5 . On the "event builder" computer timestamped data files are collected separately for each detector head. The pair of files file can be processed and fused into a single coincident file or treated separately when used in a single gamma mode for detector testing.
During the coincident file event building phase, recorded and time-stamped events corresponding to two coincident 511 keV photons from both detector heads are processed and put into a summary file, listing final calculated x and y gamma event positions and gamma ray energies for the two gammas from both detector heads, plus an event time stamp for each acquired coincident event, with ~5 ns time accuracy.
FPGA ADC data acquisition is controlled by distributed Java-based software. Java-based server application sits on each of the acquisition computers and directly controls one FPGA ADC board through a USB2 connection. The USB driver for the FPGA board is directly accessed by C++ code; the JNI (Java Native Interface) is used to allow Java indirect control of the USB driver. The server application on each of these machines is controlled by a remote client Java-based application on the control event builder computer that coordinates the collective acquisition, transfer, and processing of data. The client application is connected to each of the four server applications through a dedicated gigabit Ethernet network. After data is acquired and written to disk on the acquisition computers, the server application transfers data to the remote client computer. Finally, the client application sorts through data from coincident detectors, matches events by the time stamp and then sends the data for reconstruction. Details of the software architecture are described elsewhere at this conference [11] .
The software analysis program reads data written to disk by the acquisition software in order to display raw images, implement calibrations and corrections, and provide tools to characterize the two detector head system performances. A special position algorithm uses digitized raw pad signals from all 64 pads of sixteen PSPMTs to obtain raw gamma event positions. Below in Fig 6 is a photograph of the two detectors mounted in the mobile gantry at the University of Florida. Fig. 6 . Photograph of the complete mobile PET imaging system in place at Shands Hospital at the University of Florida.
III. RESULTS
The cardiac imager can operate with over 100 kHz coincidence trigger rate and achieves uniform detection efficiency across the 25 cm x 25 cm FOV, including dead regions between PSPMTs where signal decreases to no less than about 55% relative to the on-PMT signal value. Initial timing resolution of about 5 ns FWHM was achieved for a single detector head (against fast trigger detector). One of the detector heads was shipped back to Jefferson Lab to undergo a PSPMT replacement. The detector head was damaged through shipping. The University of Florida is discussing the incident with United Parcel Service. Once the detector is repaired we intend to continue testing the performance of the system in anticipation of clinical trials.
IV. SUMMARY
We have in place at the University of Florida a mobile cardiac PET based imager for use in an intensive care/emergency room setting. Our system is based on 16 Burle 85000 PSPMTs coupled to a NaI(Tl) scintillating crystal array for each head. The arrays are composed of 5 mm x 5 mm x 12.5 mm thick crystal elements spaced at a 5.5 mm step. Early evaluation tests demonstrated that the imager is a high performance economically practical PET imager system in a compact mobile package. The detectors underwent initial tests at the University of Florida and are report also at this conference [12] .
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